This paper presents the design of a novel oscillometry device for the measurement of respiratory mechanics based on piezoelectric bimorph actuator technology. To predict performance for measurement of human respiratory mechanics, a dynamic model was developed based on a bimorph piezoelectric actuator driving a linear resistance mesh screen including subject's respiratory impedance loads, and realistic breathing noise. Model performance was also validated in a prototype device. We found that while breathing noise substantially lowered SNR, the model could produce sufficient pressure and flow for acceptable SNRs exceeding 35 dB, and accuracies exceeding 99%. Satisfactory accuracy could be achieved with load impedance errors less than 3%. Maintaining the air-gap around the oscillating mesh with a resistance against the leak greater than 0.38 cmH 2 O/L/s maintained good performance, with an acceptable 4 dB decrease to SNR. Moreover, this work provides multiple solutions to host higher amounts of noise and nonlinearities. These results indicate that the development of an accurate lightweight portable single frequency FOT device is feasible.
INTRODUCTION
Oscillometry also known as the Forced Oscillation Technique (FOT) superimposes fluctuations in airway pressure on normal breathing to measure the mechanical impedance to airflow of the respiratory system for diagnosing and monitoring lung diseases [1] . Using FOT is possible in very young children to elderly patients as it is easy to perform unlike the current standard approach, which involves a learned maximal forced expiration that is difficult for many patients. Respiratory impedance is a complex quantity with a real part: respiratory resistance (R rs ) largely due to airflow resistance and an imaginary part: reactance (X rs ) arising from elastic properties of the lung and chest wall and the inertia of the air. The resistance is elevated in diseases such as asthma and COPD associated with airway narrowing and the reactance can also be altered due to loss of airspaces as airways close and limit flow [2] .
FOT Devices must reliably produce oscillatory waveforms even when perturbed by breathing, and must accurately measure pressure and flow due to the oscillations, over a wide range of patient respiratory impedances, and compensate for any self-impedance of the device and disposable filter. Current FOT devices use either a loudspeaker or oscillating electromagnetic actuator which results in a device that is larger or heavier than typical spirometers.
Piezoelectric actuators have been used for several years in applications such as loudspeakers, mechanical dampers, ultrasonic motors, precision position controlling, noise control, relays, phonograph pick-up, acoustics, and pressure sensing [3] [4] [5] [6] . We have designed a smaller and less costly FOT device, based on a piezoelectric bimorph actuator using a computer model to help explore the feasibility and design requirements for a suitable device. The design was tested in a prototype device.
METHODS

Simulations
The device is based on a moving mesh in a flow tube and was modeled in MATLAB/SIMULINK as described in following paragraphs. The resonance of the oscillating cantilever was tuned to 6 Hz by varying the mass on the tip [7] . Forced air oscillation at 6 Hz was sent into a res-
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piratory system that modeled different subject populations including healthy, COPD, normal children and asthmatic children with representative impedance values indicated in Table 1 [8] [9] [10] [11] . We used actual measured breathing waveforms of 6 voluntary subjects (without any apparatus) as realistic noise. Subjects were recruited as part of a research ethics approved study approved by the Capital Health Authority (Halifax, NS). The average RMS amplitude of the breathing flow was used as the noise gain of unity. The noise was adjusted in amplitude as a perturbing input to assess the effects of breathing noise on predicted values as well as on the actuator. The tidal volume (V T ) of the measured volunteer patients was 660 ± 150 mL (±SD) while 1/3 of that was used as realistic V T for the child patient [12] . The predicted actuation characteristics for piezoelectric bimorphs are well known [5] and therefore to achieve sufficient accuracy, signal-tonoise ratio (SNR), low power consumption, and low cost, the model incorporated a novel resonance based piezoelectric actuator design. To model the leak resistance of the moving mesh screen, the mesh resistance comprising the holes on the mesh and the air-gap with the housing was modeled as a resistance in parallel to the respiratory system impedance. The device needs to reach high airgap resistance to conduct the least amount of air loss. From the model we set a design goal for a minimum airgap threshold resistance to achieve errors less than 10% [13] for different subject loads. Differences between groups due to the influence of breathing noise on SNR between groups were performed at breathing noise gain of 3 using one way ANOVA. Significant findings were post hoc tested using Bonferroni correction. Analysis was performed with SigmaPlot 12 version 12.3 (Systat Software, Inc. Chicago, IL).
Experiments
The simulation was used to verify the design and construction of a prototype device.
Figure 1(a) shows a diagram of the bimorph actuator and Figure 1(b) shows a diagram of the prototype FOT device incorporating the bimorph actuator. An off-theshelf bimorph actuator (40-2010, American Piezo Ceramics, Mackeyville, PA) with length (L) of 60 mm, width (w) of 20 mm and thickness (h) of 0.7 mm was used. The piezoelectric bimorph was derived by an AC voltage source using a function generator and a pre-amplifier and a mesh screen was attached to actuator's tip in order to generate air oscillation at 6 Hz. The airflow was directed into calibrated reference resistive loads of 5 and 15 cmH 2 O/L/s (Hans Rudolph Inc, KS, USA). Pressure of airway opening was measured using a differential pressure transducer (TD-05-AS, SCIREQ Inc., Montreal, Canada) across the mesh screen that was attached to the cantilever and flow was calculated by dividing the pressure across pneumotachograph's mesh by the screen's resistance (R p = 0.4 cmH 2 O/L/s). Prior to the tests, trans- Table 1 . Mechanical properties of subject populations, used in Equations (4) and (5), and implemented in the model Figure  4 (c) [8] [9] [10] [11] . ducers were calibrated by applying steps of 0.5 cmH 2 O using a manometer. Calibration coefficients were calculated based on the results. The breathing noise was generated using a ventilator pump (Bodine Electric Company, Chicago, ILL, USA). Measurements were repeated for 6 times for each test. Pressure and Flow data were sampled at 1000 Hz and the impedance was computed as previously described [14] . The SNR was determined by Fast-Fourier-Transforming (FFT) the entire duration of data into the frequency domain, and calculating the ratio of the magnitude of the FFT at the frequency of oscillation to the root mean squared average of noise in 1 Hz bandwidth side bands adjacent to the oscillatory frequency. Section III describes the methods used to model the air oscillometry device shown in Figure 1 , including the approach used to calculate the oscillation amplitude, and to model the respiratory system and piezoelectric cantilever.
DESIGN AND MODELING
Unimorph, bimorph, and multimurph piezoelectric actuators are used in many different applications as a low cost efficient means of converting electrical energy to mechanical energy. Although the total potential energy density remains the same for different multimorph actuators of the same geometry, the more layers incorporated into the multimorph, the lower the amplitude of the required voltage is. Certain bimorph designs however rely on a metallic spacer or vane separating the two relatively thin piezoelectric plates. This type of bimorph actuator reduces the required electric field while maintaining a reasonable displacement and actuator force at a fraction of the cost of multimurph actuators. This is primarily due to the less complicated manufacturing process.
Bimorphs are available in series and parallel configurations. We chose a parallel configuration (Figure 1(a) ) since they deflect the same amount as the series for half of the series configuration's applied voltage [5] .
Calculations and Piezoelectric Model
Equation (1) presents the governing equation for oscillating flow through a mesh screen affixed to the top of the actuator that calculates the oscillation amplitude, δ, at frequency, f:
where 2πf
  is the angular frequency, P is the minimum pressure amplitude expected. R a = 0.6 cmH 2 O/L/s is the resistance of the actuating mesh screen and A r = πr 2 is the area of the circular oscillating mesh of radius of r = 2.45 cm.
Taking dielectric losses, structural damping and inertia effects into account, a fixed-free cantilever bimorph actuator's tip deflection (δ), as described in [5] , can be predicted by Equation (2) as:
where V in is the applied voltage across the thickness of the bimorph, α is the electro-mechanical coupling, F is the external load perpendicular to the cantilever's tip, m is the mass, C d is the damping coefficient, and K is the stiffness. Figure 2 shows the electro-mechanical representation of the Butterworth-Van-Dyke (BVD) [15] model of the piezoelectric actuator. The parallel capacitor, C p represents the electrical side of the model. The mechanical side represents a mass-spring-damperresonant system.
Transforming Equation (2) into the frequency domain with no load applied for the moment gives the electromechanical transfer function (TF piezo ) of the piezo-electric actuator:
, and α where obtained by standard mechanical experiments and using analytical formulas as follows [16] . Briefly: To find m, we calculated and experimentally measured the effective mass of the cantilever and the mass on the tip needed to shift the bimorph resonance down to 6 Hz. At resonance, K was determined from
where r  is the resonant angular frequency.
The displacement versus frequency data was produced from applying a chirp signal and recording the displacement using a non-contact type laser displacement sensor (AR 200, Acuity, Ortonville, MI). From the curve we obtained the damping ratio
where   is the angular half-power bandwidth. The damping coefficient was computed as 2
To find α, this data was least mean squared fit to the transfer function (Equation (3)) with R 2 = 0.97 ( Table 2 ). The move- 
Respiratory System Model and Impedance
To model the respiratory system impedance, we used the standard single compartment model which is the equation of motion (Equation (4)). The resistance (R Rs ) was modeled as a single Newtonian resistive tube. The elastance (E Rs ) represents the stored elastic energy largely from surface tension, but also from tissue stretching and some gas compression while the intertance (I Rs ) represents the inertia of the moving gas (Figure 3 ) [17] .
where P is the airway pressure, V is volume, is flow and is volume acceleration.
V  V  The respiratory system impedance, Z rs , is obtained by transforming Equation (4) into the frequency-domain:
This is well established model particularly well suited for the healthy lung, and through altering R rs , E rs and I rs , the model can approximate the major changes in mechanics observed in common lung disease, although a more accurate representation would include some increasing frequency dependence of the parameters, particularly R rs and E rs . For the purposes of design, we have explored a range of mechanical parameters that describe the gross changes commonly encountered using FOT including COPD as well as a child [8] [9] [10] [11] (Table 1) . The changes observed in asthma in an adult would be similar to the increase in R rs and E rs observed in a child.
RESULTS
Simulations
To verify the performance of the single frequency piezoelectric forced oscillation device, simulations of the model presented in Section III were performed (Figure 4(c) ). (Figure  4(a) ). This distortion increased with increasing noise gain. As expected, when the breathing noise amplitude was increased, the flow SNR dropped. The decrease was more severe for the COPD and child simulation with adulttidal volume (V T ) than other subjects (p < 0.001) and decreased to 28 dB at the simulated noise gain of 2.5, while the SNR remained higher than 35 dB for noise gains up to 3 for the male subject, the child with realistic V T and the asthmatic child ( Figure 5) . The variability in the results is due to the difference in volunteer patients breathing patterns, however, the rank ordering at every breathing noise gain stayed the same amongst subjects.
Increasing the breathing noise up to three times the normal values showed that the error in estimation of impedance of the lung exceeded 10% in the COPD simulation with breathing gain of 2 or more and in the child simulation with adult tidal volume with breathing gain of 3.2 or more, however, the error in the child simulation with realistic tidal volume, the asthmatic child and the healthy male was less than 5% at any breathing noise level (Figure 6 ). For breathing noise gain of unity, the largest absolute error in estimating R rs was 0.175 cmH 2 O/L/s that represents 1.7% error, which belongs to the COPD subject. The COPD subject also had the largest absolute error in estimating X rs of 0.045 cmH 2 O/L/s. It is not appropriate to use % error representation for X rs because its values are close to zero at respiratory system resonant frequency. Also, Elastance and Inertance cannot be precisely distinguished due to the single frequency measurement described here; therefore, the error in estimation of Reactance is used (Figure 6 ). Verifying the effect of leak due to air-gap on SNR and the impedance estimation error showed that with total resistance against the leak greater than 0.38 cmH 2 O/L/s would give SNRs higher than 30 dB and errors lower than 10% for the different simulated respiratory impedances (Figure 7 ). 
Nonlinearity
The respiratory system model used in this paper was a linear single compartment model. However, there are nonlinearities that can arise such as form the pressure volume curve, and the well-established Rohrer flow non-linearity [18] . Here we explored the effects of the dependence of the resistance of the airway on flow according to Rohrer equation as follows (Equation (6)) that introduces a nonlinearity to the equation of motion (Equation (4)):
where R u is the nonlinear flow resistance in the upper airway, K 1 is the linear resistive term and K 2 is the additional resistive term depending on flow. To assess the influence of this nonlinearity on the performance of the device, the linear resistance of the respiratory system was set equal to R Rs so that with zero flow the respiratory resistance would be the same as linear model parameter presented in [12, 19, 20] .
The effect of introducing this nonlinearity lowered the SNR at all breathing gains with typically less than 3 dB difference for all subjects except in the child with adult V T where the SNR lowered for about 13 dB at normal breathing level. The impedance estimation error increased with breathing gain but remained less than 3% at normal breathing amplitudes except for the child with adult V T . The error in child with adult V T subject reached 10% at breathing gain of 0.7 while COPD reached the maximum recommended error at breathing gain of 1.7. The asthmatic child, the normal child and the male subject reached the maximum recommended error at breathing noise gain of about 2 (Figure 8 ).
Experiments
To verify the feasibility of the single frequency piezoelectric forced oscillation device in experiments, the prototype device was tested on flow resistive test loads of 5 and 15 cmH 2 O/L/s as representatives of a normal and an extremely high respiratory loads with and without generated breathing noise of unit gain using a ventilator pump.
Using the prototype device on test loads with no breathing, the measurement error was less than 1% with SNR of 39.9 dB for the 5 cmH 2 O/L/s test load and error less than 5% with SNR of 30.1 dB for the 15 cmH 2 O/L/s test load (Figure 9) . Adding the simulated breathing of unit gain through a ventilation pump had an apparent influence on the measurement error where it went up to 5% with deteriorated SNR of 29 dB for the 5 cmH 2 O/L/s test load while the measurement error on 15 cmH 2 O/L/s test load went up to10% and its SNR dropped to 19.9 dB (Figure 9 ).
DISCUSSION
Simulations
The aim of this paper was to design an efficient low power forced oscillation device that can meet the standards proposed by Oostveen et al. [13] where they recommend a maximum error of 10%. Simulation results presented in the previous section showed that this criterion can be met even with higher noise levels. The healthy male subject and the asthmatic child were influenced similarly by the increasing noise both in SNR drop and the increase in the impedance estimation error. The impedance estimation error in the simulated COPD and child (with high tidal volume) subjects was higher than the healthy male subject (Figure 6 ). The same trend can be seen in Figure 5 where the SNR drop in simulated COPD and child impedance was higher than the healthy male subject. To verify the mechanism for this, we calculated the transfer function of the noise on the respiratory system of different subjects (Appendix), taking into account the affect of the breathing noise feedback on the oscillation dynamics of the piezoelectric actuator. Equation (7) Figure 10 shows the magnitude of bode plot of Equation (7) around the frequency of oscillation for different subjects. It can be noticed that the noise magnitude in simulated COPD was the highest, the simulated child has a lower peak while the average male impedance has the lowest noise peak at 6 Hz. This is in agreement with the results in Figures 5 and 6 . It should be noted that the peaks of the bode plot (Figure 9(b) ) would shift in magnitude in reality depending on the tidal breathing gain of the specific subject. For example, as shown in Figure 5 , the simulated child subject with adult tidal breathing exhibits a severe drop in SNR that resembles the COPD simulation. This is because the mechanical impedance of the child and COPD respiratory systems are both high in value ( Table 1) . However when the realistic amounts of tidal volume is applied to the child's respiratory system, the noise decreases, and the SNR is maintained even higher than that of the healthy male simulation.
Producing oscillations of air through a moving mesh screen includes the intrinsic problem of some of the resistance originating from the mesh screen with the remainder arising from the gap between the mesh and the housing tube. Considering the impedance using an electrical analog model, the resistance of air-gap is in parallel with mesh resistance and thus the total equivalent resistance is smaller than the mesh resistance. In this work the equivalent resistance of the mesh screen and air-gap was defined to be 0.6 cmH 2 O/L/s (Figure 7 ). An interesting conclusion from Figure 7 is that if the resistance against the leak due to air-gaps in the device is maximum (open circuit), the mesh screen can be replaced with one with resistance as low as 0.38 cmH 2 O/L/s while maintaining the impedance estimation error less than 10% and the SNR higher than 30 dB. Simulating the effects of nonlinearity on different simulated subjects had the most substantial effect on the impedance estimation error of the child with adult V T . The effects on the male, the child with realistic V T and the asthmatic child subject were also substantial while the effect on the COPD was the smallest (Figure 8) . The small effects of the nonlinearity in the COPD subject were because the nonlinear term was small relative to the linear resistance, while in the healthy male the linear resistance is small relative to the nonlinear term. However, while nonlinearity led to increases in errors, the errors were only unacceptable for the healthy male, the realistic child and the asthmatic child subjects at larger flows than normal. At normal flow levels and at the normal tidal volume for the child subject, the error was acceptable in all subjects.
Experiments
The tests on the prototype device without breathing noise resulted in very low errors and high SNRs. As expected, after adding the breathing noise the SNR dropped and errors increased. However in the case of the 15 cmH 2 O/L/s test load which is higher than would be anticipated for adult subjects, but possible for children with airway obstruction [13] the error reached the maximum recommended value (Figure 9(b) ). Children fortunately have lower breathing noise, and thus this design is likely suitable for a large range of subjects. These are for normal or nearly normal tidal volumes. However if measurements are to be made under larger ventilation conditions such as with exercise, the reduction in SNR would begin to cause larger errors in estimating impedance. If this is unacceptable then larger oscillatory flows would be recommended using one or a combination of following techniques:  Movement amplification techniques including mechanical lever and/or using longer customized piezoelectric multimurphs and/or using multiple actuators at the same time for increasing the applicable force.  Using an actuator with higher surface area to generate higher pressure oscillations.  Reducing the amount of leak due to air-gaps.
CONCLUSION
In this paper, for the first time, an oscillometry device was designed based on optimization in a simulation that included the device characteristics together with changes in subject impedance including perturbations from breathing. Although breathing noise reduced the SNR, the performance remained acceptable and demonstrated a useful design approach that led to the development of a feasible accurate lightweight portable single frequency FOT device. Reducing the leak and improving the measurement accuracy of the transducers as well as modifications in the oscillating mesh and the actuator can improve the results from the prototype device.
APPENDIX
influence on oscillations of piezo actuator. Transforming Equation (4) into s-domain we have the transfer function of the respiratory system as below: The aim of this appendix is to calculate the total noise transfer function that appears in output pressure including the effect of breathing noise on the screen mesh. Where TF NO is the transfer function of feedback noise
